Introduction
Since ancient times, tissue repair has been the ultimate goal of surgery. Tissue engineering is a technique to regenerate tissues and organs. It involves in vitro seeding and attachment of cells onto a scaffold. These cells then proliferate, migrate and differentiate into the intended specific tissue. The appropriateness of scaffold is essentially crucial to enable the cells to behave in the required manner producing tissues and organs of the desired shape and size. A key issue concerning the tissue engineering scaffold fabrication is the development of processing techniques flexible to building materials to fabricate scaffolds with biocompatibility and mechanical properties as close as local tissues. These techniques must also have the capability of producing adequate porosity in the scaffold to further serve as a framework for cell penetration, new tissue formation, and subsequent remodelling. Therefore, in the design of tissue engineering scaffolds, the characteristics that include pore size, shape, porosity, interconnectivity, and bio-mechanical properties should be optimized to maximize successful inducement of tissue in growth. Conventional scaffold fabrication techniques mostly focus on producing foam like structure from polymeric materials. The limitations of conventional techniques include the lack of structural stability and pore connectivity in the developed scaffolds. With continual advancement of scaffold-based tissue engineering therapies, an increased attention has been paid to the challenges in designing and developing patient-specific 3D scaffolds. Rapid prototyping (RP) technology in combination with synthetic biopolymer could be an up-to-date solution to the challenges in developing appropriate scaffolds in need. RP technology uses layer-manufacturing strategy to build 3D scaffold directly from computer-generated models. It can improve current scaffold design by controlling scaffold parameters such as filament diameter, filament gap and lay-down pattern. These pore scale parameters are correlated to the porosity, pore connectivity and mechanical stability of the scaffolds. This chapter presents the scaffold-based tissue engineering approach, scaffold functions & requirements, materials for scaffolds and scaffold fabrication techniques. In addition, an evaluation study of the scaffolds developed by desktop robot based rapid prototyping (DRBRP) system is reported. Fig. 1 . Illustrations of various implants and devices used to replace or enhance the function of diseased or damaged tissues and organs (Park & Lakes, 2007) For scaffold-based therapy, tissue engineering new treatment method is investigated for the reconstruction of large bone defects, where cells are taken from the patient or a donor, cultured in-vitro and seeded in a scaffold. The scaffold along with cells is then implanted in the defect with the aim to stimulate new bone formation, thereby repairing the defect. This approach delivers promising results not only for bone tissue, but also for other organs and tissues ( Van et al., 2006) . The general techniques applied in the design of scaffolds include cell-seeded polymeric scaffolds, cell-seeded gels, and cell self-assembly into a cellular matrix (Ke & William, 2010) . Cell-seeded polymeric scaffolds are the most commonly used method in the artificial tissue generation, and many scientists consider this technique as the classic tissue engineering approach. It involves the production of a scaffold into or onto which cells are placed, allowing them to organize into a 3D assembly having similar characteristics as natural cellextracellular matrix arrangements and interactions (Frisman et al. 2010 ) (see Fig. 2 ).
Fig. 2. Orthobiological approaches to (a) & (b)
clinical skin remodelling using autologous cell-based therapies, (c) patient-specific cartilage replacement therapy based on collagen and/or extracellular matrix (Lanza et al., 2007) 
Scaffold functions and requirements
In the success of tissue engineering, 3D scaffold plays important role as extracellular matrix onto which cells can attach, grow and form new tissues (Badylak, 2007) . The primary functions of scaffold are (Kim, 2001 ): -To serve as an adhesion substrate for the cell, facilitating the localization and delivery of cells when they are implanted. -To provide temporary mechanical support to the newly grown tissue by defining and maintaining a 3D structure. -To guide the development of new tissues with the appropriate function. Fabricated scaffold should mimic the biomechanical properties of the organ or tissue to be replaced, and possess following principal characteristics (Leong, 2003; Hollister et al., 2002) : -Simulate the microstructure as similar as possible to that of native tissue. -Have a suitable macrostructure to promote cell proliferation and cell-specific matrix production. -Provide a temporary support and function while cells regenerate. -Being made from a material with a predictable rate of degradation with nontoxic degraded by-product(s).
-
Made of open-pore geometry with a highly porous surface and microstructure that enables cell in growth. -Optimal pore size employed to facilitate cellular permeation, encourage tissue regeneration and to avoid pore occlusion. -Having suitable surface morphology and physiochemical properties to encourage intracellular signalling and recruitment of cells. There is always a great challenge in modelling, design and fabrication of tissue engineering scaffold to meet the required biological and biophysical conditions to regenerate tissues. For example, designing load bearing scaffolds for bone and cartilage tissue applications (Holland & Tighe, 1992; Badylak, 2007; Drury & Mooney, 2003 shape and interconnectivity in order to provide the needed structural integrity, strength, transport, and an ideal micro-environment for the growth of cells and tissues in growth (Sun et al., 2005) . There is tremendous need to assess how the exact match of mechanical properties of scaffolds with the native organ is crucial for optimal tissue regeneration. For instance, since mechanical properties are intimately related to the porosity of porous structures, whether a stiffer and less porous scaffold will provide a better integration with the surrounding natural tissue, or a more flexible and porous one will allow cells to attach and proliferate in a more efficient way (Zhensheng et al., 2008; Tjong, 2006; Puppi et al., 2010) .
Materials for scaffolds
There is a broad list of bulk materials currently used in the fabrication of tissue engineering scaffolds. These include tissue-derived materials, biological polymers, ceramics or mineralbased matrices, metals and composites of two or more materials (Griffith and Grodzinsky, 2001) (Table 1. ). The biodegradable polymers are suitable for many commercial products and medical applications, such as packaging, surgical implants, controlled release and drug delivery systems. However, their uses are still limited due to their high cost and/or low performances. Continuous research is going on in the field of biomaterials to fulfil the broad need of potential tissue engineering applications. New materials should possess particularly desirable tissue-specific properties, which should have broad applicability and can be tailored to several tissue systems (Madihally & Matthew, 1999) . A material that can be used as a scaffold in tissue engineering must satisfy a number of requirements. These include biocompatibility, controlled biodegradation within the time frame required for the application and production of non-toxic products, processability to complicated shapes with appropriate porosity, ability to support cell growth and proliferation, and appropriate mechanical properties as well as maintaining mechanical strength during tissue regeneration process (Gunatillake & Adhikari, 2003) . Besides, the selection of material used in the manufacture of a tissue engineering scaffold is dependent on the proposed tissue type, processing technique employed and its intended application (Thomson et al., 2000; Leong et al., 2003) . The polymer's design and processing flexibility influence its choice to be used as a biomaterial (Melchels et al. 2010; Harley et al., 2008) . Medical fields have been targeting to employ biopolymers in every aspect for many years. Polymer can be chemically modified to match a wide range of properties in biomedical applications, such as mechanical properties, diffusivity, density, hydrophilicity, etc. By using polymeric material, there can be optimal control over specific cellular interactions with the scaffold material because, cells do not interact with proteins that are attached to some polymer surfaces (Tanaka & Sackmann, 2005) . A number of natural and synthetic polymers are currently being employed as tissue scaffolds. Biodegradable synthetic polymers, such as poly(glycolic acid) (PGA), polyethylene glycol (PEG), poly(ethylene oxide) (PEO), polycaprolactone (PCL), poly(lactic acid) (PLA), polylactones, polyanhydrides, polyorhtoester and polyurethanes have been used in a number of clinical applications (Behravesh et al., 1999) . Thus, it is proved that polymers are essential for tissue engineering scaffolds. Among the families of synthetic polymers, the polyesters have been attractive for these applications because of their easy degradation by hydrolysis of ester linkage, degradation products being resorbed through the metabolic pathways in some cases, and the potential to tailor the structure to modulate degradation kinetics. Polyesters have also been considered for development of tissue engineering scaffolds, particularly for bone tissue engineering. Poly-L-Lactide acid (PLLA) is also popular synthetic polymers in biomedical field.
Materials

Biodegradable polymers
The term "biodegradable polymers" denotes water insoluble polymers which, by means of a chemical reaction in the body, are converted slowly to water soluble materials. The polymers can have a side chain that undergoes hydrolysis in the body to produce hydroxyl, carboxyl or other hydrating groups. These groups make the polymer fragments and degradation products water soluble (Dunn, 1991) . Another approach is to crosslink a water soluble polymer with a hydrolysable cross-linking agent. Once crosslinked, the polymer is insoluble. When placed in the body, the crosslinking group is hydrolyzed or degraded to give a water soluble polymer. Water insoluble polymers which contain hydrolysable functional groups directly in the polymer chain is degraded to shorter and shorter chain segments which eventually become water soluble. The main benefit of the latter group of polymer is that polymer will have good mechanical properties. 
Polyethers
Poly(ethylene oxide) (PEO) and PEG have the same polymer structure made of different monomers; one is made from ring opening of ethylene oxide and one from the condensation of ethylene glycol, respectively. PEG's major attractiveness for seeding is that it does not present specific receptors for cell attachment. PEG has been approved by the FDA for several medical applications due to its biocompatibility and low toxicity. PEG has been extensively used as excipient in pharmaceutical formulation for oral and injectable administration to stabilize proteins by chemical conjugation of PEG, surface modification of biomaterials and induction of cell membrane fusion, and UV polymerization of the precursor that consists of PEG with acrylate terminal at each end in the presence ofhydroxy acids. Star-shaped PEG has been cross-linked by interaction with liver cells (Maher et al., 2009a (Maher et al., , 2009b .
Polyesters
Polyesters are synthesized by condensation polymerization of dicarboxylic acids. Polyhydroxybutyrate and polyhydroxyvalerate are developed by Imprerial Chemical Inductries (ICI) from a fermentation process of PCL. The homopolymers in these series are hydrophobic and crystalline in structure, and therefore, they have long degradation times in vivo (1-2 years). However, copolymerization (e.g. PCL-based) has led to materials to have relatively shorter degradation time because of changes in crystallinity and hydrophobicity of these polymers (Chaudhary et al. 1997) . P o l y e s t e r s c a n a l s o b e f o r m u l a t e d b y stepwise polymerization and ring opening polymerization. One of the most versatile and widely used synthesized polymers is aliphatic polyesters prepared from lactic and glycolic acids. These polymers were first utilized as sutures and orthopaedic plates and nails, and their biocompatibility and biodegradability are well known. Moreover, the commercial availability of these polymers along with favourable biodegradation rates has made these polymers as the first choice of medical devices. The applications are also found in controlled release of gene delivery and tissue engineering.
Copolymers
Combinations of biomaterials also provide better characteristics than a single biomaterial. For example, the composite of poly(L-lactic acid)/ -tricalcium phosphate (PLLA /TCP) have better combination of properties as a scaffold material. The biodegradation rate of PLLA is too low to match the tissue regeneration process after implantation (Chuenjitkuntaworn et al.) . The acidic degradation products of PLLA, such as lactic acid tend to cause aseptic inflammation in tissue (Moroni et al., 2006) . On the other hand, TCP has a higher biodegradation rate; it has a hydrophilic surface; and its degradation products are often alkaline. But TCP has poor mechanical properties. According to the histological analysis of the implantation experimentation of PLLA/TCP composites manufactured by low-temperature deposition manufacturing (LDM) process, the scaffold were degraded in 24 weeks after implantation with no trace of aseptic inflammation found. As a scaffold material for bone TE, PLLA/TCP composite could be a better choice compared to the use of PLLA or TCP alone (Xiong et al., 2002) . PCL is commonly used biocompatible and biodegradable aliphatic polyester with low melting point and excellent solubility in most of the solvents. PCL is used in various biomedical applications such as urethral catheters, drug delivery systems, resorbable sutures etc., and has been proposed as a material for bone and cartilage tissue engineering (Barrows, 1986) . When PCL is copolymerised with ethylene oxide (EO) or poly(ethylene glycol) (PEG) to prepare PCL-PEG-PEO block copolymers their hydrophilicity and biodegradability are improved, and thus they may find much wider applications. PEG presents outstanding properties, e.g. hydrophilicity, solubility in water and in organic solvents, nontoxicity, and absence of antigenicity and immunogenicity, which allow PEG to be used for many clinical applications. PEG of low molecular weight can be excreted through the kidney, so its biostability is not a problem. Recently, bioresorbable polyester-PEG diblock or triblock copolymers have been prepared by using a monohydroxy or , ω-dihydroxy PEG as initiator for the polymerization of lactone monomers (Piao et al., 2003) .
Various PEO based polymers have been reported and utilized especially in drug delivery. One interesting copolymer is a triblock copolymer of PEO and poly(propylene oxide) (PPO) which is known under the trade name of Pluronics® or Poloxamers®, and is available in various lengths and compositions. These polymers form thermally reversible gels without any permanent cross-linking. Besides, PEO-PPO-PEO triblock copolymers can be designed to form gels at body temperature. A few PEO-PPO-PEO copolymers are in clinical use as surfactants and solubilizers in injectable formulations.
Scaffold fabrication techniques
Conventional techniques
Conventional fabrication techniques are defined as processes that build scaffolds having a bulk or porous (interconnected or non-interconnected) structure which lacks any long-range channelling microstructure. In contrast, solid free form fabrication uses layer manufacturing processes to form scaffolds directly from computer-generated models, thereby enabling the introduction of hollow or tubular structures in scaffolds. Additionally, solid freeform fabrication techniques enable the creation of external geometry of the scaffold with high precision. Conventional techniques are often used in scaffold fabrication for bone and cartilage tissue engineering. Commonly used scaffold fabrication techniques are listed in Table 3 . List of conventional and RP scaffold fabrication techniques Gas foaming/high pressure processing technique is based on the CO 2 saturation of polymer disks through their exposure to high pressure CO 2 . Prominent advantage of this method is the possibility of obtaining scaffolds with a high degree of porosity with a pore size range of 100 µm. However, low mechanical strength and poorly defined pore structure of the scaffold limit the widespread use of this technique. A further method is based on a thermally induced phase separation (freeze-drying), which occurs when the temperature of a homogeneous polymer solution previously poured into a mould, is decreased. This technique allows the production of scaffolds consisting of natural and synthetic polymers. As the processing conditions are technically challenging and the developed scaffolds have low mechanical competence accompanied by reduced pore size, the application of this technique is also limited. The varying success rates of the above-mentioned scaffold fabrication methods may be to due to the extensive involvement of manual intervention, and the inconsistent and inflexible processing procedures.
Rapid Prototyping techniques
RP technology is launched in the market during late 1980s with the introduction of the stereolithography system by 3D Systems Inc (Holland & Tighe, 1992; Legault, 2008) . RP also termed as "solid freeform fabrication" is a relatively new technology that generates a physical model directly from computer-aided design (CAD) data in a layer-by-layer manner. RP techniques have been identified and recognized to possess significant potentials for fabricating tissue engineering scaffold. RP has been used in the medical field primarily as a means of guiding surgical procedures using tactile models derived from patient computerized tomography (CT) data. The potential to intimately control the microstructure of porous channels and the overall macroscopic shape of the implants makes RP an ideal process for fabricating implant and tissue engineering scaffold as well. Direct fabrication of customized implants is promising in offering simpler and more rapid surgical implementations. RP fabrication begins with the development of a 3D volumetric computer model of the desired part that can be derived from output data generated by surface digitizers or medical imaging systems (e. g. Computed Tomography or Magnetic Resonance Imaging etc.). The 3D architecture and geometry of porous microstructure determined by pore size, shape, interconnectivity, and anisotropy are the key design parameters. RP technique allows the fabrication of scaffolds with controlled pore network and with a custom made shape. The digital model is then mathematically sliced into thin layers having a constant thickness that is user-defined. Then layers of material representing the cross-sectional profiles of the desired part as obtained from the computer generated slices are formed by processing solid sheet, liquid or powder material feed stocks. The material layers are automatically and precisely stacked and fused on top of one another to create the desired physical part (Chua & Leong, 1997; Leong et al., 2003 ) (see Fig. 3 ). Furthermore, advances in in-vivo imaging, such as positron emission tomography, make it possible to provide a confined monitoring of the development and incorporation of the engineered tissues (Chua et al., 2009; Chua & Leong, 1997) . (Yeong et al., 2004) RP techniques are beneficial for tissue engineering scaffold fabrication due to their ability to address and overcome the problems of uncontrollable microstructure and the ability to manufacture complex 3D structures. These techniques have rigorous control over porosity, pore size, stiffness and permeability; the RP scaffolds are usually designed to have fully interconnected pore structure. This method is particularly useful for tissue engineering since it allows a very good reproducibility and the production of almost any kind of structure within the limitations of each technique used. It is possible to design a structure that mimics the natural tissue to be replaced (Daily, 2010) . Such capabilities are highly advantageous since the ideal scaffold should replicate the geometry and size of the patient's original anatomy and its internal micro-architecture. RP offers freedom of varying structural parameters to the nonvariable bulk mechanical properties of the material used (Moroni et al., 2006) . Each tissue and organ in the human body has their own unique geometry which varies in size among individuals. This fact undermines the applicability of most conventional fabrication techniques which are restricted to the fabrication of scaffold with highly simplified geometries. Besides, RP techniques also allow the investigation of the effect of scaffold geometry on cell behaviour for further optimization of the scaffold design (Starly et al., 2006) . Lacroix and Prendergast (2002) have introduced computational models to tissue regeneration as a predictive tool, and proposed a modified mechano-regulation theory based on the influence of morphologic parameters (pore shape, size, distribution and interconnectivity) and loading conditions (compression load and fluid perfusion) on the response of surface stimuli. Based on the selection of a regular microstructure and optimal inlet conditions, it is possible to predict the initial stimuli felt by the cell, in order to analyze and propose a scaffold design with specific function, such as bone or cartilage tissue differentiation. However, not all RP methods are applicable for all polymeric materials for scaffold fabrication. For example, moulding methods are inappropriate for developing hydrogel scaffolds because, the scaffold cannot be removed without damaging both internal and external architecture (Mastrogiacomo et al., 2005) . Porous hydrogel scaffolds are difficult to develop, especially when integrating tight interconnecting pores. There are very few reports on any RP technology producing scaffolds with consistent pore definition in the range of 200-400 µm, while also retaining a high accuracy of outside architecture (Maher et al., 2009a (Maher et al., & 2009b . Hydrogel with low viscosities tend to be difficult to use when constructing scaffolds because of the long gelation time which results in the collapse of scaffolds due to their mechanical instability (Cunha et al., 2005) . Fig. 4 presents the overview of RP technologies applied in processing various biomaterials for biomedical applications (Bergman & JI, 2008) . Fig. 4 . Overview of RP technologies applied in processing various biomaterials for biomedical applications (Bergman & JI, 2008) .
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Although the application of RP technology for the production of tissue engineering scaffolds is still very much in the laboratories, the vast interest in RP technology for tissue engineering scaffold fabrication has been evidenced by the huge number of publications generated over the last 5 years. Research conducted with existing commercial and noncommercial RP systems has laid down a firm foundation in generating scaffolds with unprecedented quality, accuracy and reproducibility. To date, quite a number of RP techniques have been exploited for scaffold fabrication though most of the commercially available RP systems are designed to cater mainly for industrial engineering applications. The next section reports a study on the evaluation of the scaffolds developed by desktop robot based rapid prototyping (DRBRP) system.
Scaffolds developed by DRBRP system
6.1 Introduction At present, solid freeform fabrication (SSF) is considered to be the best way to generate defined porous structures. SSF technology in combination with 3D imaging reconstructed based on CT and/or MRI data, is able to form high precision realistic models. We have developed a SSF technique, called desktop robot based rapid prototyping (DRBRP) system (Hoque et al., 2005 (Hoque et al., , 2008 in-house, which is capable of extruding biopolymer for freeform construction of 3D tissue engineering scaffold. The DRBRP system was tested through fabrication of various scaffolds with a number of polymers, like PCL, PCL-PEG and PCL-PEG-CL, and lay-down patterns. The 3D scaffold was modelled as per Fig. 5 that is composed of series scaffold architectures. Scanning electron microscopy (SEM), gas pycnometry, micro-computed tomography (micro-CT) and compression test were performed to characterize the morphology and mechanical properties of the resulting scaffolds. The cell response to the as-fabricated scaffolds was evaluated using rabbit smooth muscle cells (rSMCs). The cell morphology was investigated by light, scanning and confocal laser microscopy. Interconnected pores that allow cell growth to penetrate the 3D matrices are formed between the adjacent filaments. 
Manufacturing of scaffolds
The in-house built DRBRP system combined with a simple and user-friendly software code was used to manufacture 3D scaffolds. From a biomaterial point of view, this RP system is very versatile and is capable of extruding hot melts, solutions, pastes and dispersions of polymers as well as monomers and reactive oligomers. DRBRP system is considered to be one of the most convenient available extruding deposition fabrication techniques due to its user friendly operation conditions, fully utilizable polymer feed, and the ability to produce scaffolds without any binders. Besides, this process is very appropriate to produce scaffolds for hard tissue engineering (e.g. bone). The DRBRP system consists of a computer-guided desktop robot (Robokids, Sony) (see Fig. 6 ), metallic chamber which is heated by an electrical band heater, and a pneumatic dispenser. The dispenser itself is consisted of an air filter, regulator, lubricator, a solenoid valve and a nozzle. The DRBRP system allows biopolymer to be fed virtually in any form (e.g. pellet, lump, powder etc.) for processing into 3D scaffold. Software used in the developed DRBRP system was made up of a slicing and dispensing program, allowing users to generate geometrical data of 3D scaffolds www.intechopen.com through user-friendly interfaces. The geometrical data can be automatically generated by using the slicing program written in-house. The 3D model can be segmented in stereolithography (.stl) file format into 2D layers by specifying the required control parameters. The thermoplastic polymers were melted in the stainless steel chamber of the DRBRP system by electrical heating and extruded out by means of compressed air pressure through a mini nozzle to build scaffold. The process of deposition in each layer starts with formation of a ''road'' of molten material, called filament with user-defined width and thickness as presented in Fig. 6 . The scaffold was built in an additive manner: line-by-line to form a 2D layer and layer-by-layer to form the 3D structure. Once a layer was completed, the dispenser moved up vertically in the Z-direction by a small displacement equivalent to the specified ST. To investigate the processing feasibility of the selected polymers, the lay-down pattern, nozzle size, and FD were selected as 0/90°, 500 µm, and 1.5mm, respectively. The liquefier temperature (the temperature used to keep the polymer molten), extrusion pressure (the pressure by which the polymer melt was extruded), and deposition speed (the speed at which the molten polymer was drawn) were set at 90°C, 4.0 bars, and 300mm/min, respectively, while the ambient temperature was maintained at 25±2˚C. It was hypothesized that all three polymers (PCL, PCL-PEG, and PCL-PEG-PCL) have same rheological properties as they have very close melting temperatures (~65°C). Hence, for convenience, the same process conditions were applied to all tested polymers. The influences of processing parameters were studied by fabricating scaffolds with a single lay-down pattern 0/90˚ using two polymers (PCL and PCL-PEG) and employing three values of each parameter. For example, liquefier temperatures of 80˚C, 90°C, and 100°C, extrusion pressures of 3.0, 4.0, and 5.0 bars, and deposition speeds of 240, 300, and 360mm/min.
During the fabrication, one parameter was varied iteratively, while the other two were remained constant. For cell culture studies, the scaffolds were fabricated with three laydown patterns (0/30°C, 0/60°C, and 0/90°C) and two polymers (PCL and PCL-PEG) applying liquefier temperature, extrusion pressure, and deposition speed of 90°C, 4.0 bars, and 300mm/min, respectively. In all cases, the bulk scaffolds (50.0 x 50.0 x 5.0mm) were built on a flat plastic platform and removed upon fabrication, and cut into smaller blocks (e.g., 6.0 x 6.0 x 5.0mm) with an ultra-sharp blade for further testing.
Characterization of scaffolds 6.3.1 Scanning electron microscopy
The scaffold morphologies were observed by scanning electron microscope (SEM) (JSM-5800LV; Jeol USA, Peabody, MA) at 15 kV and a current of 60-90 mA. We studied the influences of process parameters on the scaffolds' porous characteristics. The top and crosssectional views of scaffolds were obtained using a SEM for the morphological study. Briefly, scaffolds were fixed to a stub with carbon paint and coated with gold using a JEOL fine sputter coater (JFC-1200) for 60 s at 10 mA then viewed under the SEM. The pore dimensions were measured from the SEM images. The pore dimensions in different directions of fabrication process are not essentially the same. In the X-or Y-direction, the pore width is formed in between the intercrossing of filaments and hence is defined by the difference between FD and RW. Likewise, the pore height in the Z-direction is formed from void produced by the stacking of filament layers, and thus their size is regulated by the layer gap (LG). The scaffolds fabricated with PCL, PCL-PEG, and PCL-PEG-PCL polymers exhibited homogeneous and consistent deposition of microfilaments with highly reproducible spatial arrangement of pores and channels when viewed in the Z-direction of the fabrication process (see Fig. 7 ). The cross-sectional views of the SEM images revealed the complete interconnectivity and integrity of the 3D porous scaffolds. It was also observed that the filaments fused evenly at the junctions, which resisted interlayer delamination. The reproducibility and regularity of the scaffold's pore networks were comparable to scaffolds fabricated by some other techniques, such as FDM, 3D fibre deposition, and precision extruding deposition. The SEM analysis (see Figs. 8-10) also dictates that the changes in process parameters significantly affected the scaffold morphologies. Fig. 7 . SEM images of (a) PCL, (b) PCL-PEG, and (c) PCL-PEG-PCL scaffolds fabricated with three different polymers (pattern, 0=90; nozzle size, 500µm; FD, 1.5 mm). Plan view; insets, cross-sectional view (magnification, x25). SEM, scanning electron microscopy (Hoque et al., 2008) .
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Desktop Robot Based Rapid Prototyping System: An Advanced Extrusion Based Processing of Biopolymers into 3D Tissue Engineering Scaffolds 119 Fig. 8 . SEM images of PCL-PEG scaffolds demonstrating the influence of liquefier temperature on their morphologies that indicates the gradual increase of filament diameter with the increase of liquefier temperature (nozzle size: 500 µm; FD: 1.5mm). Big picture: plan view; small window: cross-sectional view (magnification x25) (Hoque et al., 2008) . Fig. 9 . SEM images of PCL-PEG scaffolds demonstrating the influence of extrusion pressure on their morphologies that indicates the gradual increase of filament diameter with the increase of extrusion pressure (nozzle size: 500 µm; FD: 1.5mm) (Hoque et al., 2008) . Fig. 10 . SEM images PCL-PEG scaffolds demonstrating the influence of deposition speed on their morphologies that indicated the gradual decrease of filament diameter with the increase of deposition speed (nozzle size: 500µm; FD: 1.5mm) (Hoque et al., 2008) .
Porosity measurement
The porosity values of the scaffolds with different architectures were determined using the following equation:
where, Va (mm 3 ) is the apparent volume calculated based on the geometry of each scaffold block and Vt (mm 3 ) is the true volume. The true volume of each scaffold specimen was measured by using a gas pycnometer (Ultrapycnometer 1000, Quantachrome, Boynton Beach, FL, USA) at 25°C in pure argon. The porosity values were also determined by Microcomputed Tomography (micro-CT) analysis.
Micro-computed tomography
The morphology and microstructural formability of fabricated scaffolds were investigated using a Skyscan 1072 micro-CT desktop scanner (Skyscan, Kontich, Belgium). The micro-CT was set at 19 mm resolution. Two-dimensional analyses and 3D reconstructions of core regions of the samples were performed, which enabled calculation of the porosity, interconnectivity, and surface-to-volume ratio of the scaffolds. The influences of process parameters on scaffold's porous characteristics were almost identical for both polymers namely, PCL and PCL-PEG. Likewise, the porosity values measured by ultrapycnometer and micro-CT methods were found to be quite similar. Therefore, for simplicity, the porous characteristics refer to that of PCL-PEG scaffolds, and the porosities refer to the values measured by micro-CT method throughout the text, unless mentioned otherwise.
Influences of process parameters
The deposition tests discussed here were conducted to assess the effects of three main process parameters on the scaffold design of the resulting track and their suitability for layer deposition. In each test, one parameter was varied whilst the remaining parameters were set at a predetermined value. Table 5 lists the testing range and fixed value of each parameter.
Process parameter
Parameter range Liquefier temperature 80°C -100°C Extrusion pressure 3 -5 bars Deposition speed 240 -360mm/min Table 5 . Process parameter ranges investigated during deposition trials
Liquefier Temperature: The increase in liquefier temperature resulted in an increase of RW and thus decreased the pore size and porosity at a specific extrusion pressure and deposition speed. The fluidity of the polymer melt increased with increasing temperature, and it rendered faster and excessive dispensing of the polymer melt. The morphological changes due to change of liquefier temperature are presented in Table 6 . An increase of temperature from 80˚C to 100˚C resulted in an increase of RW from 375 ± 45 to 620 ± 45 µm, which corresponded to a decrease of pore width in X-or Y-direction from 1125 ± 90 to 880 ± 90 µm, pore height in Z-direction from 330 ± 38 to 120 ± 20 µm, and porosity from 72% to 48%, respectively. The influence of liquefier temperature was also evidenced by the morphological change as observed in Fig.8 . Extrusion Pressure: Similar to liquefier temperature, increasing the extrusion pressure led to the increase of RW and thus decreased the pore size and porosity at a given condition of temperature and speed as presented in Table 7 . An increase of pressure from 3 to 5 bars resulted in an increase of RW from 380 ±50 to 623 ±45 µm and a decrease of pore width from 1120 ±100 to 877 ±90 µm, pore height from 325 ±35 to 118 ±18 µm, and, consequently, Table 7 . Morphological change due to change of extrusion pressure while liquefier temperature and deposition speed remained fixed at 90°C and 300 mm/min, respectively. (Hoque et al., 2008) Deposition Speed: Unlike liquefier temperature and extrusion pressure, increase of deposition speed rendered lower polymer flow per travel distance, and thus decreased RW and increased pore size and porosity. In such case, the polymer melt is dispensed out at a specific flow rate under certain conditions, whereas the nozzle draws the melt faster at high deposition speed. This can be explained using the following flow rate equation:
where, A is the cross-sectional area of polymer melt that in turn is equivalent to the filament diameter, and S is the deposition speed. Subscripts 'i' and 'f' refer to initial and final values. If S increases, the filament diameter must decrease to maintain specific flow rate. The increase of deposition speed from 240 to 360mm/min resulted in a decrease of RW from 615 ±40 to 377 ±48 µm that accordingly increased the pore width from 885 ±80 to 1123 ±100 µm, pore height from 125 ±22 to 340 ±30 µm, and porosity from 45% to 75%, respectively, as presented in Table 8 . The influence of deposition speed was also evidenced by the morphological change as observed in Fig.8 .
Mechanical properties of scaffolds
For each envisioned application, successful tissue engineering scaffolds constructs will have certain minimum requirements for biological, biochemical and physical properties. For example, scaffold is required to provide sufficient initial mechanical strength and stiffness as substitute for the mechanical function of the diseased or damaged tissue to be repaired or regenerated. Table 8 . Morphological change due to change of deposition speed while liquefier temperature and extrusion pressure remained fixed at 90°C and 300 mm/min, respectively. (Hoque et al., 2008) In this study, the mechanical behaviour of the scaffold was investigated via uniaxial compression tests. Compression tests were carried out to evaluate compression behaviour of scaffolds and further to investigate the influences of process parameters on their mechanical properties. For each structural configuration, five samples (6.0 x 6.0 x 5.0mm) were tested. They were tested using a uniaxial testing machine (Instron 4502, Norwood, MA) and a 1 kN load-cell (Canton, Norwood, MA) adopting the guidelines for compression testing of acrylic bone cement set in ASTM F451-99a. This is the latest edition of the standard currently used by a number of research groups to characterize the mechanical properties of bioresorbable scaffolds of similar geometry. The specimens were compressed in Z-direction of fabrication process at a crosshead speed of 1 mm/min between two steel plates up to a strain level of 60%. The modulus of elasticity, E was calculated as the slope of initial linear portion of the stress-strain curve neglecting any toe region formed due to the initial settling of the specimen. Compressive strength at yield, σ y was defined as the intersection of the stressstrain curve with the modulus slope at an offset of 1.0% strain. A Student's t-test was performed in comparing mean values from all independent sample groups using a Minitab statistics software version 12.2 (Minitab, State College, PA) and a significance level of 0.05. As compression strain increased, the 3D pores of the scaffolds were crushed and underwent a densification process. When the rods and struts were crushed, the scaffold became stiffer and the stress level rised quickly as demonstrated by Fig. 11 . Therefore, stress-strain curves typically followed three distinct regions: (i) a linear elastic region, (ii) a plateau of roughly constant stress, and (iii) a final region of steeply rising stress. When the scaffolds were compressed in Z-direction of fabrication process it was the filament junctions of adjacent layers that mainly supported the applied load at the beginning. In this case, the initial linear elastic deformation involved significant shear deformation of the filament joints. On further compression, the linear elastic regime was truncated by sliding of filament layers, which also manifested as a plateau of constant stress on the stress-strain curve. The final failure occurred when the filaments of adjacent layers were crushed. To strengthen the scaffold structure, a large number of filament joints would be expected. The strengthening effect can also be dependent on the bond strength, (i.e. the perfection of fusion) between filaments at their joints, which in turn is dependent on the design and process parameters of the fabrication technique. As the process parameters had direct influences on RW and in turn on porosity, they influenced the mechanical properties like modulus of elasticity, yield strength, and yield strain. The modulus of elasticity E (MPa), 1% offset yield strength, σ y (MPa), and yield strain (%) values calculated from the stress-strain curves are presented in Tables 9-11 as functions Fig. 11 . Typical stress-strain curve of porous scaffold under compression showing linear elastic, plateau and densification regimes (Hoque et al., 2008) of process parameters. Statistical analysis confirmed ( p<0.05) that for both PCL and PCL-PEG, increasing liquefier temperature and extrusion pressure resulted in thickening of extruded filaments (see Figs. 8 and 9 ) and decrease of porosity (Tables 6 and 7 ) with increased modulus of elasticity and yield strength (Tables 9 and 10 ). Unlikely, increase of deposition speed caused narrowing of filaments (see Fig. 10 ), and consequently, increased the porosity (Table 8) and decreased the modulus of elasticity and yield strength (Table 11) . Similar trends were observed by Moroni et al. (2006) when changing the filament deposition speed. Table 11 . Influence of dispensing speed on mechanical properties (Modulus of elasticity, yield strength and yield strain) of PCL and PCL-PEG scaffolds (Hoque et al., 2008) 6.6 Cell culture study Rabbit Smooth Muscle Cells (rSMC) were used to investigate the influences of polymer nature and scaffold architecture on cell performance in terms of cell attachment and proliferation on scaffolds. Two polymers (PCL and PCL-PEG) and three lay-down patterns (0/30, 0/60, and 0/90) were investigated.
Speed
Parameter
Cell harvesting
These cells were obtained from the corpus cavernosa smooth muscle of the penis of a male New Zealand White Rabbit. The rabbit was routinely maintained under general anaesthesia by intubation with isofluorane. The local area was cleaned with iodine solution and alcohol, and was opened in layers until the cavernosal cavity was reached. About 1-2 mm of the corpus cavernosa smooth muscle tissue was biopsied, and the wound was closed in layers. The explants were finely minced and plated in a tissue culture flask containing low glucose Dulbecco's modified Eagle's medium supplemented with 10% fetal bovine serum and 1% penicillin-streptomycin.
Cell seeding
Following scaffold fabrication, the rSMC (passage 5) were seeded onto PCL and PCL-PEG scaffolds of 6.0 x 6.0 x 5.0mm with three lay-down patterns in a 24-suspension-well plate. The seeding density was 0.6 x 10 6 in 60 µL suspension volume per scaffold. The cell-loaded scaffolds were left untouched in a self-sterilizable incubator (WTB Binder, Tuttlingen, Germany) at 37˚C in 5% CO 2 , 95% air, and 99% relative humidity for 3 h to allow protein secretion and cell attachment. Following 3 h of incubation, each well was filled with 1 mL of culture medium to submerge the scaffolds fully and placed back in the incubator. In the next day, the seeding efficiency was measured by transferring the cell-loaded scaffolds in the new plate. Half of the medium was changed after every 2 days, and the culture was continued for the period of 3 weeks. Throughout the study the low glucose Dulbecco's modified Eagle's medium supplemented with 10% fetal bovine serum and 1% penicillinstreptomycin was used. Phase contrast light microscopy (Leica DM IRB, Wetzlar, Germany) was used to examine the cell morphology, intercellular connections, and extracellular matrix production every week for the entire culture period of 3 weeks.
Cell Morphology
The biocompatibility of scaffold in terms of cell viability was assessed by the fluorescent staining of cell nuclei using confocal laser microscopy (CLM). The distribution, ratio of viable to dead cells in the cell-scaffold constructs, and stained cells embedded into scaffolds were observed under the CLM (Zeiss LSM510 META, Oberkochen, Germany) on weeks 1 and 3. Viable cells were stained green with the fluorescent dye, fluorescein diacetate (FDA; Molecular Probes, Eugene, Oregon), and dead cells were stained red with propidium iodide (PI, Molecular Probes). The laser emission and excitation wavelengths were set at 510-560 nm and 488 nm, respectively, for FDA, whereas for PI they were set at 560-600 nm and 543 nm, respectively. Depth projection images were constructed from up to 25 horizontal image sections through the constructs. Similarly, the cell adhesion and their distribution into the scaffolds were studied by SEM. The cells were fixed by means of 3% glutaraldehyde. The scaffold cell constructs were mounted on a stub using double-sided carbon tape, and sputter coated with gold (JFC-1200; Jeol) for 60 sec at 10 mA before viewing under the SEM. Then, the cell morphology was observed on the SEM (JSM-5800LV; Jeol) under high vacuum with an accelerating voltage of 15 kV and at a working distance of about 2 cm. The rSMCs started attaching onto both PCL and PCL-PEG scaffold surfaces with all three lay-down patterns (0/30, 0/60, and 0/90) after 2 h of seeding. The initial round cells adhered to the scaffolds, migrated, and developed an interconnected cell network using the rods and struts as templates for their proliferation. At week 1 in culture, the cells demonstrated distinct morphological changes, while spreading on the bars and struts of the scaffold surface as well as bridging the adjacent bars as observed by phase contrast light microscopy and CLM presented in Figs. 12 and 13. As indicated by the confocal images using the live/dead stain FDA-PI, most of the cells were viable after week 1. The cells progressed to bridge the walls of the fully interconnected pore network via 3D extracellular matrix (ECM) production. From this point on, the cell-to-cell contact points, the ECM, and culture media acted as templates. In general, the cells started the 3D growth process at the junctions of the bars and struts. After the cells had grown over the surfaces of the rods and struts, they proceeded to fill up the pores in a circular manner. From qualitative assessment, cellular attachment and proliferation appeared to be higher on the PCL-PEG scaffolds than on the PCL scaffolds. The Fig. 12 . Phase contrast light microscopy images of rSMCs attached to the PCL (top) and PCL-PEG (bottom) scaffolds with various lay-down patterns after 1 week in culture. Cell attachment and proliferation were increased on the PCL-PEG scaffolds compared to the PCL scaffolds (magnification, x10) (Hoque et al., 2008) . Fig. 13 . CLM images of the statically seeded scaffolds after 1 week in culture. The scaffold architecture was partially covered by the cells demonstrating bridging the bars for both scaffold groups. Top row: PCL scaffolds; bottom row: PCL-PEG scaffolds (magnification, x10) (Hoque et al., 2008) .
enhanced cell attachment on PCL-PEG surfaces observed by CLM could also have promoted cell proliferation. However, no significant differences in cell attachment and proliferation were observed among the scaffold patterns. Henceforth, phase contrast microscopy and CLM showed that after 3 weeks of culture, the entire architecture of both scaffold groups was filled with cells and extracellular matrix as demonstrated by Figs. 14 and 15.
Fig. 14. Phase contrast light microscopy images of rSMCs attached to the PCL (top) and PCL-PEG scaffolds with various lay-down patterns after 3 weeks in culture. The cells continued to proliferate on all three patterns, leading to almost complete obliteration of the porous space of the scaffolds. Cells attachment and proliferation were increased on the PCL-PEG scaffolds compared to the PCL scaffolds (magnification, x10) (Hoque et al., 2008 (Hoque et al., 2008) . Fig. 16 . SEM images of PCL (top) and PCL-PEG (bottom) scaffolds with cells after 3 weeks in culture. The entire surface scaffold architecture is covered with a dense cell-extracellular matrix. Cells bridging adjacent bars are present (magnification, x50) (Hoque et al., 2008) .
Qualitative examination revealed that the major portion of the cells continued to remain viable as evidenced by the CLM images. The SEM images (see Fig. 16 ) showed that the overall scaffold architectures of both polymers were covered with a dense cell sheet though not many cells were seen adhering onto the outer bars and struts of the scaffolds due to the fixation and specimen processing that resulted in the detachment of cells. However, based on the imaging data, no significant difference was detected among the scaffold patterns in respect to the proliferation pattern. It was thought to be because of the open pore structures of all three patterns that favoured the nutrients flow in and wastes flow out. Thus, the results of this study suggest that the PCL and PCL-PEG scaffold surfaces allowed attachment and colonization of rSMC on the struts and bars. Within a period of 3 weeks, the cells formed an interconnected cell-to-cell and cell-to-extracellular matrix network throughout the whole honeycomb-like scaffold structure. All microscopic images revealed increased cell density over time not only at the outer surfaces but also throughout the entire scaffold architecture. This finding carries importance in tissue engineering in which in vitro neo-tissue formation (cells + extracellular matrix) is desirable for achieving homogenous tissue formation in combination with vascularization in vivo.
DNA quantification
Specimens (n=3) harvested at weeks 1 and 3 were evaluated using the Pico®Green DNA quantification assay (Molecular Probes). Specimens were treated with 1 mL enzyme solution comprising of 0.25% trypsin (Hyclone, South Logan, UT), 0.1% collagenase I (Gibco, North Andover, MA), and 0.1% hyalurodinase (Sigma, St. Louis, MO) for 12 h at 37 ˚ C to break down extracellular matrix in order to obtain a homogenous cell suspension that was shortly spun. The aliquots of supernatant were then taken and their DNA contents were quantified using Pico®Green (Molecular Probes). Fluorescence of specimen well was measured with a plate reader (Genios®; Tecan Group, Maennedorf, Switzerland) at excitation and emission wavelengths of 485nm and 535nm, respectively. Fluorescence of reagent blank was subtracted from raw sample fluorescence recorded to give the corrected value. The amount of DNA was calculated by extrapolating a standard curve obtained by running the assay with a given DNA standard. For the PCL and PCL-PEG scaffolds of three lay-down patterns seeded with rSMC, the DNA quantification results (see Fig. 17 ) demonstrated a higher amount of DNA in case of PCL-PEG copolymer scaffolds than in case of PCL homopolymer scaffolds ( p<0.05) over the whole time period of 3 weeks. The progress of culture period showed a significant increase in DNA quantity from week 1 to 3 time points for both scaffold groups, indicating an increase in cell proliferation. This was in agreement with the different microscopic image analyses, which revealed that after 3 weeks of culture the FDA/PI staining still showed the viable cells inside the honeycomb scaffold architecture. No significant variation in DNA quantity was measured among the patterns of both groups of scaffolds. However, this can be applicable only when these studied scaffolds consisted of limited number of layers and large pores. The uninterrupted supply of nutrients into the fully interconnected open porous scaffolds might favour the continuous proliferation of the cells that resulted in increase in DNA quantity with the progress of culture period for both scaffold groups. The enhanced cell attachment on PCL-PEG scaffold surfaces observed by CLM and SEM could have promoted cell proliferation and thus resulted in higher DNA quantity than that for PCL scaffolds. The particular mechanism that promotes or blocks cell attachment, proliferation, and differentiation on PEG containing copolymer is not yet fully understood. However, it is known that PEG incorporation results in chemical and physical Fig. 17 . PicoGreen results for PCL (top) and PCL-PEG (bottom) scaffolds with various laydown patterns (Hoque et al., 2008) .
changes on the copolymer surface. The PEG incorporation increases the overall hydrophilicity of the PCL-PEG copolymer surface as evidenced by reduced water contact angle (Hoque et. al., 2008) . Similar cell response was reported by Huang and co-researchers (2010) who conducted in-vitro cell culture studies on PCL, PCL-PEG, and PCL-PEG-PCL scaffolds manufactured via solid freeform fabrication using primary human and rat bone marrow-derived stromal cells. Morphological characterization demonstrated the cell attachment, proliferation, and extracellular matrix production on the scaffold's surface as well as inside for all polymers. They also found that the copolymers showed better performance than the PCL homopolymer in their cell culture studies.
Conclusions
The DRBRP system successfully fabricated PCL, PCL-PEG and PCL-PEG-PCL 3D scaffolds with fully interconnected reproducible hierarchical pores. The process parameters intimately influenced the scaffolds' porous and mechanical characteristics. The PCL-based copolymers conserved the excellent thermal behaviour inherent to PCL, thus providing a wide processing window for scaffold fabrication. Microscopic analyses showed adhesion, proliferation, and ECM production of the rSMCs on the surface as well as inside the structure of both scaffold groups (PCL and PCL-PEG). The completely interconnected and highly regular honeycomb-like pore morphology supported bridging of the pores via cellto-cell contact as well as production of ECM. PCL-PEG copolymer scaffolds showed overall better performance in cell culture studies than the PCL homopolymer scaffolds that was reflected by the DNA quantification assay. However, the variation in lay-down pattern did not significantly influence the cell culture performance.
